Acousto-optic imaging (AOI) is a non-invasive method that uses acoustic modulation to map the light fluence inside biological tissue. In many AOI implementations, ultrasound pulses are used in a time-gated measurement to perform depth-resolved imaging without the need for mechanical scanning. However, to achieve high axial resolution, it is required that ultrasound pulses with few cycles are used, limiting the modulation strength. In this Letter, we developed a new approach to pulse-based AOI in which a coded ultrasound transmission is used. In codedtransmission AOI (CT-AOI), one may achieve an axial resolution that corresponds to a single cycle, but with a signal-to-noise ratio (SNR) that scales as the square root of the number of cycles. Using CT-AOI with 79 cycles, we experimentally demonstrate over 4-fold increase in SNR in comparison to a single-cycle AOI scheme.
One of the fundamental limitations of optical imaging of biological tissue is light scattering due to optical heterogeneity. At depths exceeding several transport lengths, scattering leads to the diffusion of light, which severely limits the imaging resolution that may be achieved [1] . Additionally, optical imaging with diffused light often requires solving non-linear optimization problems in order to map tissue parameters.
Acousto-optic imaging (AOI) is a hybrid approach that overcomes the limitations of light diffusion by using acoustic modulation. Conventionally, AOI is performed by illuminating the tissue with a highly coherent continuous wave (CW) laser that creates a speckle pattern on the tissue surface. When an ultrasound beam propagates through the illuminated tissue, it leads to a local modulation of the optical phase, which translates to an intensity modulation in the speckle on the tissue surface. Thus, by measuring the modulation depth of the speckle it is possible to quantify the light fluence within the tissue at the positions in which the acoustic modulation was performed.
AOI is capable of identifying both highly absorbing and highly scattering structures through their effect on the light fluence [2] . While in most applications AOI is used as an independent technique for assessing tissue parameters, it may also be used as a complimentary technique to optoacoustic tomography (OAT). In the previous works [3, 4] it has been shown that the information provided by AOI can remove the bias in OAT images due to light attenuation, thus enabling the quantification of the OAT images.
One of the major challenges of AOI is its low SNR, which leads to low acquisition times [5] . To increase the SNR and imaging speed, cameras are often used to process a large number of individual speckle grains in parallel. However, camera-based AOI is in most implementations incompatible with in vivo imaging, in which speckle decorrelation occurs at rates that are faster than the acquisition rate of conventional cameras. To enable in vivo, sensitive photodetectors are used to fully characterize the temporal behavior of a small number of speckles. To accelerate the imaging speed, the acoustic modulation may be performed in pulses [6] . Using the time-of-flight principle, the fluence may be measured at different depths corresponding to the path of the acoustic pulse without the need of mechanical scanning. However, using acoustic pulses, rather than continuous acoustic modulation, effectively results in a weak modulation signal. While the modulation signal may be improved by increasing the pulse duration, this approach comes at the cost of reduced axial resolution.
In this work, we develop a new method to increase the SNR of pulse-based AOI without sacrificing the axial resolution. In our method, termed coded-transmission AOI (CT-AOI), a coded sequence of acoustic pulses is transmitted into the imaged object. Thus, at every time instance, the measured speckle modulation represents the sum of contributions from the acoustically modulated regions. Since the modulated regions change as the coded pulse train propagate, a set of multiplexed measurements is obtained, which may be used to recover the individual contribution from each region in the imaged medium. By using a cyclic S-sequence to code the pulses, an SNR gain of √ N/2 may be achieved over a single-pulse measurement, where N denotes the number of elements in the code. Fig. 1 shows an illustrative comparison between single-pulse AOI ( Fig. 1(a-c) ) and CT-AOI ( Figs. 1(d-f) ) in a 1D configuration. Denoting the pulse width by T and the speed of sound by c, the tissue, marked in blue in Fig. 1 , is divided into several sections, each with a width of Tc. The acoustic pressure as a function of depth is represented by the red curve, and the corresponding binary values of the code. As the figure shows, the 1s and 0s correspond to the modulated and unmodulated regions, respectively. The figure shows the propagation of the single pulse ( Fig. 1 (a-c)) and pulse sequence (Figs. 1(d-f)) for three time instances. In the case of a single pulse, only one region in the medium is modulated at every time instance. In the case of a pulse sequence, the modulated regions are determined by the sequence, where at every time step T, the sequence is shifted cyclically.
The S-sequence is generated as a Simplex code using the quadradic-residue method [7] , with code length of N = 4m + 3, where m is a natural number that leads to a value of N that is a primary number. One of the properties of S-sequences is that they can be used to generate a basis in R N , where each basis vector is obtained by cyclic shifts of the S-sequence. Accordingly, we may construct an invertible matrix S whose rows are cyclic shifts of the S-sequence. Representing the signal we wish to recover by Only one pulse is propagating through the phantom in a given time, modulating only the current region. (b) CT-AOI. A cyclic spatial combination of pulses modulating different regions inside the phantom along the propagation axis. Propagation of a single cyclic Ssequence of order N, is equivalent to multiplexing the tissue with N different codes. the column vector x, the multiplexed measurement y is obtained by y = Sx, and the recovery of x from the measurement can be performed by merely inverting the S-matrix:
In CT-AOI, since the shifts in the acoustic S-sequence delivered to the tissue are due to acoustic propagation, the result is continuous, rather than discrete, shifts. To enable a simple transition from the continuous to the discrete realms, the sampling frequency of the modulated light f s is chosen as a multiple of the ultrasound frequency f US = T −1 , i.e. the ratio K = f s / f US is a natural number. Accordingly, the measured signal is divided into K subsets, each with a sampling rate of f US , where the relative shift between adjacent subsets is T/K. For each subset, the inversion is performed using Eq. 1, and the results are joint together into a single vector, representing the signal obtained for a single-pulse US transmission with a sampling rate of f s . To extract the modulated-portion of the demultiplexed signal, we use the algorithm developed in Ref. [6] . Fig 2 depicts the experimental setup of our CT-AOI system, which is based on design of Ref. [8] . Illumination was provided by a CW laser (DL Pro 780, Toptica) with a wavelength of 785 nm and linewidth of 50 kHz. The laser was coupled to a multi-mode fiber with a diameter of 62.5 µm, yielding a power of 100 mW at the fiber output, which was delivered to a scattering phantom, made of clear silicone mixed with 193 nm TiO 2 particles. The phantom had a reduced scattering coefficient of µ s = 15 cm −1 and a speed of sound of approximately 990 m/s and was placed inside a water tank filled with distilled water. An additional multi-mode fiber with a diameter of 600µm was used to collect the light scattered from the phantom and deliver it to a 4-channel photomultiplier tube (PMT, Hamamtsu). The distance between the illumination and collection fibers was approximately 15 mm and shared the same XY plane (Z src = Z det ). The electrical signal, created by the PMT, was sampled using a mutli-channel data-acquisition system (AlazarTech) at a sampling rate of f s = 5 MS/s. The data acquisition was synchronized with the acoustic pulses by a trigger signal from the arbitrary function generator. The signals from the PMT channels were measured for 2 s. An arbitrary function generator (Tabor 8026) with a high voltage amplifier (.4-1.8-50EU26, SVPA) were used to generate high-voltage signals corresponding to single-pulse and coded transmission. As in Fig. 1 , each pulse contained exactly one cycle, where the central frequency was 1.25 MHz. The voltage signals were fed to a focused transducer (Panametrics, A392S) with a diameter of 1.5 inch and focal length of 9.2 cm to generate an acoustic beam with a depth of field of 5.2 cm in the z direction and a waist diameter of 1.8 mm. The ultrasound transducer was positioned approximately 9 cm above the optical fibers used to illuminate the phantom and collect the scattered light. Two experiments were performed in this configuration.
In the first experiment, the spatial fluence distribution inside the phantom was measured. The ultrasound transducer was scanned in the x and y directions with a step size of 0.5 mm. For a single-pulse transmission, a pulse-repetition rate of 15.82 kHz was set, corresponding to a distance of 9.4 cm between the pulses -sufficiently long to assure no overlap between the pulses. When coded transmission was used, an S-sequence with N = 79 was used, corresponding to the same propagation distance. Thus, at any given time, there was only a single Ssequence inside the phantom. Figures 3a and 3b show the normalized 2D maps of the modulated photons in the plane of the optical fibers obtained with single-pulse AOI and CT-AOI, respectively. In both cases, the well-known "banana-shape" light distribution from the source to the detector is obtained. However, the CT-AOI image achieved a 4.5-fold higher SNR, in agreement with the theoretical prediction. For comparison purposes, the images of modulated photons are also presented on a logarithmic scale in Figs. 3c and 3d.
In the second experiment, the multiplexing advantage was measured for different code orders with relation to its corresponding single pulse repetition rate. The transducer was positioned above the point in the x − y plane for which the highest fluence value was obtained in the first experiment (Fig. 3b ). Coded ultrasound sequences with varying code lengths and single-pulse ultrasound were delivered to the phantom and the signal was measured over 2 s. To assess the SNR for each case, the measurement was repeated 30 times, and the average values of the signal and noise values were calculated. The multiplexing advantage was calculated by dividing the average SNR obtained for each code length by the SNR of the single-pulse measurement.
The measured values of the multiplexing advantage are presented in Fig. 4 (red curve) and are compared to the theoretical prediction of a multiplexing advantage of √ N/2 (blue curve). The figure clearly shows a good agreement between the experimental results and the theoretical prediction.
In conclusion, we introduced a new approach for increasing SNR in pulsed-based AOI, which relies on coded ultrasound transmission. Using an S-sequence code of the order of 79, a 4.5-fold SNR gain was achieved with CT-AOI over single-pulse AOI, in agreement with multiplexing theory. We note that this gain in sensitivity was achieved without sacrificing the longitudinal resolution or increasing the measurement duration. This property makes CT-AOI is a promising approach for increasing the penetration depth of AOI in future in vivo applications.
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